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Abstract: We report an innovative technique for the visualization of cells through an overlying
scattering medium by combining femtosecond laser bone ablation and two-photon excitation
fluorescence (TPEF) microscopy. We demonstrate the technique by imaging hair cells in an intact
mouse cochlea ex vivo. Intracochlear imaging is important for the assessment of hearing disorders.
However, the small size of the cochlea and its encasement in the densest bone in the body present
challenging obstacles, preventing the visualization of the intracochlear microanatomy using
standard clinical imaging modalities. The controlled laser ablation reduces the optical scattering
of the cochlear bone while the TPEF allows visualization of individual cells behind the bone.
We implemented optical coherence tomography (OCT) simultaneously with the laser ablation to
enhance the precision of the ablation and prevent inadvertent damage to the cells behind the bone.

© 2019 Optical Society of America under the terms of the OSA Open Access Publishing Agreement

1. Introduction

Seeing through scattering media is one of the major challenges for optical imaging. An emerging
class of wave front shaping techniques undoes the distortion due to scattering through a carefully
shaped wave front [1–3]. By sending such a shaped wave front back through the same medium,
the scattering can be unscrambled and the original incident wave front is recovered. This can
be used to produce a laser focus behind the scattering medium [4,5], which can be scanned
for imaging via the correlation in the scattered wave front (memory effect) [6]. Variations of
these techniques have been applied in brain imaging in vitro [7] and in vivo [8]. However, great
challenges remain for obtaining access from both sides of the scattering layer [9], or placing
proper beacons in the target region [1].

In this paper, we explore an alternative method that involves the creation of artificial windows
in scattering media by thinning them down to a thickness approximately equal to one photon
mean free path (MFP) using femtosecond laser ablation. We demonstrate for the first time
transosseous imaging in an intact extracted mouse cochlea by thinning the encasing bone to enable
visualization of cochlear cells through the thinned scattering bone using ballistic photons. Bone
thinning has been used before for brain imaging in live animals [10,11]. Owing to the nonthermal
process and the highly confined ablated region, ultrafast laser pulses are used to perform very
precise cutting of materials in manufacturing [12], and have been used in microsurgery, such as
cutting of specimens ranging from subcellular organelles to large bones [13]. We implemented
a simultaneous OCT imaging system to allow measurement of the bone thickness and prevent
unintentional damage to the cells behind the bone. Optical coherence tomography has been
used previously in laser ablation for monitoring and guidance [14,15], and femtosecond laser
osteotomy has been recently employed to enable two-photon transcranial imaging in mice [16].
The novelty of our work is the application of OCT-guided femtosecond laser ablation in an intact
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cochlea for precise bone thinning without breaching it to achieve TPEF imaging of hair cells
(HCs) through the ablated bone.

The cochlea is a spiral-shaped part of the inner ear responsible for mechanoelectric transduction
of sound waves into electrical signals transmitted to the brain. It hosts the HCs, which are part of
the organ of Corti (OC), and are the sensory receptors of the auditory system. HCs transform the
incoming energy of sound waves into electrical signals that lead to neurotransmitter release and
excitation of the cochlear nerve. The majority of hearing loss originates from the cochlea, and
this ailment is known as sensorineural hearing loss (SNHL). Although damage of any cochlear
cell type can cause SNHL, HCs and cochlear neurons are frequently damaged in many genetic
and environmentally-induced types of hearing loss [17,18]. Therefore, imaging the inner ear’s
microanatomy is of high interest for the study and therapy of hearing loss. Therapies for SNHL
are currently essentially limited to prosthetic devices (hearing aids and cochlear implants);
however, promising emerging approaches include localized inner-ear delivery of correct genes,
gene editing reagents, small molecules and stem cells [19–22]. It is essential that diagnostic
methods of the cellular cause of SNHL be developed to select among the emerging therapeutic
options.
The primary challenge preventing the visualization of the intracochlear microanatomy is

scattering by the surrounding bone, which strongly limits the focusing capability of an imaging
system as well as the collection efficiency of the generated optical signal. Furthermore,
intracochlear imaging is particularly difficult because of the small dimensions of the cochlear
chambers, their complex spiraling structure and the difficulty of tool access. Impressive results
were obtained with optical coherent tomography (OCT) for in vivo imaging of the cochlea in
animal models, but the achieved resolution was limited (8.7 µm axially and 9.8 µm laterally
[23,24]). To improve the spatial resolution of conventional OCT, micro-optical coherence
tomography (µ-OCT) was utilized to resolve cochlear microanatomy at a cellular level in ex vivo
intact guinea pigs cochleae [25]. Nevertheless, additional efforts are required to improve both
penetration depth and resolution. In other studies [26–28], specific optical clearing protocols
were utilized to increase bone transparency and acquire high-resolution fluorescence images
through the whole volume of the cochlea. However, optical clearing treatments may irreversibly
modify the mechanical properties of the bone, and may be ototoxic and cause hearing loss.
Additional methods for cochlear visualization are magnetic resonance imaging (MRI), computed
tomography (CT) and micro-CT (µCT). Although MRI and CT are noninvasive clinical tools,
they do not have the resolution to identify cochlear microanatomy [29]. Micro-CT has been used
to create a three-dimensional (3D) model of the cochlear bone [30,31] and fluid chambers (when
using osmium tetroxide as contrast agent for soft tissues [32]). Recently, synchrotron-radiation
phase contrast imaging (SR-PCI) has been applied to human 3D intact temporal bones to resolve
cellular structure within the inner ear [29]. However, the high dose of radiation used in µCT and
SR-PCI studies prevent immediate translation of these techniques to living humans.
Modern optical microscopy techniques are being applied to excised OC to better understand

hearing loss. Two-photon excitation fluorescence (TPEF) microscopy [33,34] in particular has
been of interest lately for intracochlear imaging. Yang et al. [35] reported TPEF imaging of the
mouse HCs without OC extraction, exogenous dyes or drilling through the cochlear bone. HCs
were imaged through the membranous round window using a near-infrared femtosecond laser as
the excitation and endogenous TPEF and second harmonic generation as the contrast mechanisms.
Although the region of the OC accessible through the round window is the most likely place for
the initiation of the sensorineural damage, restricting imaging to this region limits the diagnostic
field of view. This motivated us to demonstrate the laser ablation method by creating alternative
access pathways through the cochlear bone.
The inner ear uniquely suits the technique we describe in this paper. The 3D, spiraling, bony

labyrinth of the cochlea has so far presented an insurmountable challenge for cellular-level
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diagnostics needed for the treatment of many hearing diseases. This dense, relatively acellular
bone lacks the vascular diploic space [36]. Therefore, bleeding should not be an issue in the
process of non-thermal ablation. Furthermore, owing to the small dimension of the cochlea, only
a minute amount of bone is removed in order to achieve cellular-level imaging of the organ of
Corti, requiring low ablation power and causing insignificant impact from the laser-induced shock
wave and heat. In this work, the volume of bone needed to be removed through ablation was on
the order of (150 µm)3, or 0.0034 mm3, ablated at a rate of 0.01–0.05 mm3 min−1 depending on
the fluence used and the properties of the bone. In the human cochlea, we expect the ablation
area and depth to be roughly twice as large, giving an ablation volume of 0.027 mm3.

2. Methods

2.1. Experimental setup

The experimental setup is shown in Fig. 1. For ablation, we used a compact femtosecond pulsed
fiber laser source (Satsuma HP2, Amplitude Systems) with a center wavelength at 1030 nm, an
average output power of 20W, and tunable pulse width, repetition rate and pulse energy. The
laser source integrates a kilohertz regenerative amplifier with a maximum pulse energy of 40 µJ
at a minimum pulse duration of 300 fs, which is required for ablation. To quantify the volume
ablation rate under laser irradiation and the sample thickness, we combined the ultrafast laser
ablation setup with a spectral-domain OCT imaging system (Ganymede II, Thorlabs) working at a
center wavelength of 930 nm. The OCT imaging allows the thickness of the targeted sample area
to be monitored during ablation. Forty-seven percent of the laser energy is delivered from the
ablation laser to the OCT objective, the transmittance of which is 87% at the ablation wavelength.
The overall energy delivery efficiency is thus roughly 40% in the combined system. As shown
in Fig. 1(a), the femtosecond laser beam was expanded, collimated and directed into the head
of the OCT system. We integrated the OCT measurement beam with the ablation beam via a
beamsplitter to monitor the target area. The two beams were scanned simultaneously on the
sample by controlling the galvanometric mirrors inside the OCT head via a Labview interface
(Fig. 1(b)). No further synchronization was used between the ablation laser pulses and the OCT
scanner. The OCT head also includes a camera providing a BF top view of the scanned area,
which helps locate the ablation area. The BF imaging feedback is complemented with OCT
images of the sample before and after laser ablation.
In all experiments, the ablation scan was carried out at a constant rate. Under the control of

the OCT scanner, the ablation beam moves at 7.5 mm s−1, with the focal spot (Airy disk) of
roughly 12.5 µm diameter moving 1.5 µm every pulse. Thus, each adjacent spot overlaps with the
previous one by nearly 92%. Each scan line also moves 1.5 µm father down from the previous
line. On average, each point in an ablation area receives roughly 28 ablation pulses during each
two-dimensional scan.

We acquired TPEF images of the whole mounts with an overlying cochlear bone layer (Fig. 2).
The cochlear bone was laser ablated down to different thicknesses, placed on top of the whole
mount sample (covered with a #1 microscope coverslip) and glued at one edge for stability
(Fig. 2(a)). This specific geometry was selected to reproduce the range of anatomically accurate
distances between the OC and the inner wall of the cochlear bone in mice, which can measure
up to 300 µm depending on the relative OC topology. Assuming the optical properties of the
intracochlear fluid comparable to those of water, an optical path of 200 µm in the intracochlear
fluid can be reproduced with a 160 µm in glass, which is similar to a #1 coverslip. The TPEF
signals are collected in an epi configuration through the microscope objective, passing again
through the bone before being detected (Fig. 2(b)).

The mounted samples were imaged with a Leica SP5 multiphoton microscope system equipped
with a tunable mode-locked Ti:Sapphire laser (Coherent Chameleon Ultra II, pulse width 140 fs)
as the light source. The excitation wavelength was set at 785 nm when using Rhodamine 6G as
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Fig. 1. Experimental setup for ultrafast laser ablation of cochlear bone. (a) Laser ablation
setup combined with the OCT system. The ablation beam is expanded, collimated and
directed into the OCT head. After the beamsplitter (BS), both OCT beam and ablation beam
reach a pair of galvanometric mirrors (GM1 and GM2) and are then redirected toward the
focusing objective (OBJ) onto the sample (S). L1 and L2, lenses. M1-M4, mirrors. (b) User
interface for the control of laser ablation. The interface allows the control of simultaneous
real time OCT and BF imaging systems, the choice of the laser parameters for ablation, the
selection of the targeted area and the OCT imaging comparison of the sample before and
after ablation.

Fig. 2. Preparation of a whole mount sample covered with a bony chip for TPEF efficiency
studies. (a) Sectional sketch of the sample. The whole mount includes a fixed OC stained
with Rhodamine 6G and placed between two microscope slides (in blue). The bony chip
varies in thickness (based on precise laser ablation) and is placed on the coverslipped whole
mount. (b) Schematic of the light transmission through cochlear bone. Depending on bone
thickness, a certain amount of light will excite the OC and a fraction of emitted light will be
collected back for imaging. CB, cochlear bone. OC, organ of Corti. OBJ, objective.
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the fluorescent staining, and at 920 nm when using Phalloidin 488 to visualize F-actin. The TPEF
signals were excited and collected through a Leica HCX APO 20× 1.0 NA water immersion
microscope objective in an epi configuration. After a 680 nm shortpass filter to eliminate the
excitation light, the signal was sent to a photomultiplier tube (PMT) for detection through a
bandpass filter centered at 525 nm (50 nm bandwidth). The maximum average excitation power
measured at the focal plane was ∼10 mW, resulting in a peak intensity of approximately 4.6×1010

W cm−2 and 3.4×1010 W cm−2 for the wavelength of 785 nm and 920 nm, respectively. For all
images, intensities were averaged over 48 consecutive scanning frames.
TPEF images of intact OC through the ablated intact cochlear bone were acquired using the

same Leica SP5 multiphoton microscope system described above.

2.2. Sample preparation

Mice were sacrificed and inner ears were extracted (Fig. 3). The cochleae were gently perfused
with cold 4% paraformaldehyde in 0.1 M phosphate-buffered saline (PBS) and post-fixed in
4% paraformaldehyde for at least 2 hours at room temperature. The coiled murine cochlea was
approximately 5 mm long (Fig. 3(a)), spiraling two turns around the central axis. The OC extends
along the length of the cochlea, as schematized in Fig. 3(b), depicting the spiraling OC encased
by cochlear bone with two apertures: the round window (RW) and the oval window (OW).

Fig. 3. Dissection of a murine cochlea. (a) Photograph of an extracted murine inner ear.
(b) Image of the cochlea as viewed using the integrated BF microscope in the OCT system.
Anatomic details are clearly visible. Arrows point to the natural windows (round and oval
windows) in the cochlea. Scale bar: 1 mm.

To prepare whole mount samples, the cochlear bone was removed, the OC was microdissected,
permeabilized with 0.25% Triton-X 100 for 15 minutes on a shaker, immersed in a 0.02%
rhodamine 6G (ACROS) in PBS for two minutes, and washed three times in PBS for five minutes
each. The stained sample was mounted in a mounting medium (ProLong Diamond from Life
Sciences Technologies) and coverslipped.
To prepare 3D intact cochlear samples, the fixed cochleae were permeabilized with 0.25%

Triton-X 100 for 15 minutes on a shaker, immersed in a phalloidin solution (diluted 1:200 in PBS
from a 6.6 µM stock solution in methanol) and rinsed three times in cold PBS for five minutes
each on a shaker. To improve the stability and allow an optimal orientation angle for ablation and
imaging, the stained intact cochleae were mounted in a mold made of 1% agarose in water, and
oriented with the ablated bone area facing the microscope objective.
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2.3. Animal experiments

All animal experiments were performed following the national and institutional guidelines for
the care and use of laboratory animals, with the approval of Ecole Polytechnique Fédérale de
Lausanne (EPFL). Ten seven-week old mice (NMRI strain) were used in this study. The mice
were sacrificed by an intraperitoneal injection of pentobarbital at a concentration of 150mg/kg
(Esconarkon, concentration 150 mg/ml) prior to decapitation and inner ear extraction.

3. Results

3.1. Femtosecond laser ablation of murine cochlear bone and TPEF microscopy of
OC through the ablated bone

As an initial calibration step, we ablated pieces of mouse cochlear bone. We used a compact 1030
nm, 20W femtosecond fiber laser (Satsuma HP2, Amplitude Systems) with a tunable pulse width,
repetition rate, and pulse energy. The laser ablation setup was integrated with a simultaneous OCT
system and a bright-field (BF) camera to provide real-time images of the sample (see Methods).
After selecting the specimen area to ablate in the transverse plane, OCT images were acquired
before and after each laser ablation process to monitor the ablation depth. The focal plane was
then moved a certain feeding distance further into the bone and a second round of ablation was
carried out. By repeating the procedure several times, we achieved an ablation depth required
for TPEF imaging through the bone. For parameter optimization, we investigated the effects of
pulse energy, and thus fluence, on the bone ablation while maintaining a pulse width of 330 fs
and a repetition rate of 5 kHz throughout this work. The ablation was performed at a numerical
aperture (NA) of 0.1, with a pulse fluence ranging from 1.0 to 4.5 J cm−2, approximately 1.3–6
times the fluence threshold of 0.5–0.8 J cm−2 suggested in previous work [37–39]. We did not
specifically quantify the fluence threshold in the cochlear bone, although the lowest fluence of 1 J
cm−2 with OCT-detectable ablation depth is reasonably close to the published range.
Results of the femtosecond laser ablation in cochlear bone are shown in Fig. 4. Figure 4(a)

shows a representative top view BF image of a cochlear bone sample ablated at a pulse energy of
3.7 µJ delivered on the sample, which corresponds to a pulse fluence of 4.5 J cm−2, approximately
6 times the fluence threshold. The ablated area is a square 150 µm x150 µm pattern formed by
raster-scanning the ablation laser focus point-by-point in the area. The scanning was completed
in 2 s, during which a total laser energy of 37 mJ was deposited over the ablation area. The
yellow dashed line indicates the location of the corresponding OCT image. The OCT sectional
views before (Fig. 4(b)) and after (Fig. 4(c)) the ablation reveal precise bone removal, with
perpendicular walls, a flat floor surface, and no signs of melting or carbonization.
The quantitative rate of ablation in terms of ablation depth δ is summarized in Fig. 4(d) and

4(e). Typically, several rounds of ablation are needed with a laser focus progressively fed into
the bone. Other than the initial focusing, a constant feeding step without refocusing is a more
feasible approach than refocusing the laser on the ablation surface before the next round. We
therefore measured the rate of ablation in a single round as a function of pulse energy for several
focal positions below the flat ablation surface formed a priori, which is shown in colored symbols
in Fig. 4(d). As in the previous example, each ablation round is completed in 2 s. The ensemble
average and standard deviation for all rates at different depth reflects the practical rate achievable
and its range of variation when the focus depth is not accurately known, which is plotted in black
solid symbols with error bars. The multi-round ablation depth as a function of the number of
rounds of ablation for various pulse energy is shown in Fig. 4(e), where the shaded region suggests
the range of ablation achievable. Given the thickness of the cochlear bone cage, we estimate that
no more than 5 rounds of ablation are sufficient to achieve the required ablation depth, which will
be completed in about 10 s. Future applications in live sample would have to consider further
challenges, such as motion due to breathing and heartbeat, which could compromise the precision
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Fig. 4. Ultrafast laser ablation of murine cochlear bone. (a) Bright-field view of the ablated
bone area (150×150 µm2). (b) A-scan OCT of the bone sample along the yellow dashed line
in (a) before ablation. (c) A-scan OCT of the bone sample along the yellow dashed line in
(a) after ablation. Scale bars: 50 µm. (d) Single-round ablation depth (rate of ablation) as a
function of pulse energy delivered to the sample at various focal positions. Blue squares,
laser focus is on the bone surface. Green circles, laser focus is 5 µm into the bone surface.
Red triangles, laser focus is 10 µm into the bone surface. Cyan triangles, laser focus is 20 µm
into the bone surface. Black solid diamonds, average rate of ablation. Error bars represent
one standard deviation. Black line is a visual aide. (e) Ablation depth as a function of
rounds of ablation at constant feeding steps of the laser focus. Colors represent pulse energy
used. Blue, 0.82 µJ. Green, 1.3 µJ. Red, 2.0 µJ. Cyan, 2.8 µJ. Symbols represent feeding step
size. Squares, 5 µm. Circles, 10 µm. Triangles, 20 µm. Gray shaded region shows range of
ablation depth practically achievable. (f) Measurements of the optical properties of bone
based on ablation-controlled thickness. The combined scattering and absorption coefficient
is 203 cm−1, which are not separated. Gray shaded region suggests the possible range of
variations among different samples.

of the ablation at microscale. Such motions, however, could be minimized through the use of
general anesthesia and muscle relaxant.
Based on the ablation-controlled bone thickness, we measured the transmission of focused

light through the cochlear bone by focusing a weak laser beam of 1030 nm wavelength from the
ablation laser with a 10×microscope objective (0.25 NA) at a position behind the sample. Within
the thicknesses considered in this experiment, a significant amount of ballistic photons survives,
and a clear focus could be identified when imaged with a 20×microscope objective (0.4 NA). This
allowed measurement of the ballistic photon intensity through the peak intensity of the laser focus
in the well-resolved digital image of the focal spot at a pixel resolution of 0.26 µm. In this regime,
contributions from scattered light at the focal spot can be neglected, and the Lambert–Beer law
holds for both scattering and absorption as If = I0 exp[−(µs + µa)d], where If is the measured
peak focal intensity, I0 is the focal intensity without attenuation, µs is the scattering coefficient, µa
is the absorption coefficient, and d is the sample thickness. The transmissivity is then T = If

/
I0.

Five samples, each from a different cochlea, ablated to different thicknesses, were measured this
way. In order to avoid errors due to Fresnel reflections at several interfaces, we did not use I0 in
this measurement. To estimate the optical coefficients from the measurements, a linear regression
in lnT = ln If − ln I0 was used to extract µs + µa and ln I0, as shown in in Fig. 4(f). We found
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that the combined scattering and absorption coefficient µs + µa = 203 cm−1 on average at the
wavelength (1.03 µm) involved, which varied from sample to sample in the range of 175–237
cm−1. This value corresponds to a photon mean free path (MFP) of 49 µm and is in a good
agreement with previous reports [40]. This relatively narrow range of variability suggests that the
thickness was well controlled in the ablation. In this measurement, we did not separate the two
coefficients because in bones in general [41,42], and in the cochlear bone specifically [40], µa is
at least one order of magnitude smaller than µs. Furthermore, we did not measure scattering
anisotropicity because our goal is to ablate the cochlear bone down to one MFT for ballistic
photon imaging.
Having characterized the scattering properties of the cochlear bone with ablation-controlled

thicknesses, we studied the quality of two-photon imaging through such bone. Of primary
importance for imaging, we studied the evolution of the laser focal intensity distribution over
bone thickness, which is directly linked to the TPEF imaging point spread function (PSF). In a
similar approach to the measurement of the scattering coefficient, we generated a laser focus
by focusing a collimated laser beam with a microscope objective (0.25 NA) through a piece of
bone ablated to a specific thickness and placed it close to the objective. The focus spot was then
imaged with another microscope objective placed on the opposite side of the bone piece onto a
digital camera. Instances of the focal intensity line profile after transmitting through different
bone thicknesses are shown in Fig. 5(a), where insets show the corresponding two-dimensional
intensity map. A relatively consistent laser focus can be obtained through a bone thickness up to
75 µm despite the reduced intensity and the appearance of speckles near the focus for the thicker
samples. The intensity profiles of the central peak are similar up to this thickness, suggesting
that ballistic photons remain dominant. At a thickness of 110 µm, the laser focus is significantly
broadened, with substantially lower intensity and severe speckles. This is the point where ballistic
photon intensity falls below low-angle scattered (or “snaky”) photons [43]. Beyond this point, the
focus spot becomes more and more broadened but remains identifiable owing to the anisotropic
(forward) scattering of the bone tissue up to the transport MFP. The temporal profile of the laser
pulse also suffers severe broadening in this regime, further reducing the peak intensity. As TPEF
emission scales with the square of the excitation intensity, it requires significantly higher laser
power to achieve sufficient signal strength through a thicker bone layer. This highlights the
importance of thinning the cochlear bone close or below one MFP in thickness to achieve useful
TPEF imaging performance.

To investigate the feasibility of TPEF imaging at the cellular resolution required for inner
ear diagnostics, we glued each of the ablated bones on top of a different mouse cochlear whole
mounts (flat preparation of a microdissected organ of Corti) and performed TPEF microscopy in
a commercial multiphoton microscope (Leica SP5). We ablated cochlear bone chips down to
different thicknesses, ranging from 60 µm to 100 µm. We also used a non-ablated bone of 250
µm thickness as an extreme case. The corresponding TPEF images at three laser peak powers
are reported in Fig. 5(b). The exponential decrease of ballistic light that remains after passing
through scattering bone requires a higher illumination laser power to maintain the TPEF signal
level. Furthermore, the speckles resulting from the scattering and the broadening of the focus
spot significantly reduce the quality of the images. For these reasons, at a thickness of 60 µm,
which is comparable to the photon MFP (49 µm), the three rows of outer hair cells (OHCs), a
single row of inner hair cells (IHCs), the tunnel of Corti (TC), and other cellular structures are
clearly visible in the TPEF image at the minimum excitation power used. A higher excitation
power did not improve the image quality but actually resulted in fluorophore bleaching and
lowered the signal level. At a thickness of 100 µm, cellular structures are still identifiable in the
TPEF image using a medium level excitation power, which improves with higher power. Through
a thickness of 250 µm, a meaningful cellular level image only results from the highest excitation
power used, albeit with significantly compromised image acuity and contrast. Given that the
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Fig. 5. Effects of bone thickness on the imaging through cochlear bone. (a) Distorted laser
focus of 0.25 NA through different bone thicknesses. Curves are the intensity line profiles
across the center of the focal spots normalized with the undistorted focus intensity. Insets
show the corresponding images of the foci. (b) TPEF microscopy images in cochlear whole
mounts through three bone thicknesses at three levels of excitation laser power. Mouse
intracochlear structures are clearly visible through bone chips of 60 µm and 100 µm thickness.
The images show signs of photobleaching at the thickness of 60 µm, and reduced acuity
and contrast at 100 µm thickness. Images through a 250 µm thick bone chip requires the
highest excitation power used to reveal vaguely identifiable structures with a significantly
compromised acuity and contrast. The excitation wavelength used was 785 nm, and the
whole mounts were stained with Rhodamine 6G. IHC, inner hair cell. OHC, outer hair cell.
TC, tunnel of Corti. Scale bars: 20 µm.

intact mouse cochlear bone has a thickness of 200–300 µm on average, our results suggest that
thinning the bone down to 100 µm via controlled ultrafast laser ablation is needed to reduce the
effects of light scattering, which include signal loss and image blurring.

3.2. Intracochlear TPEF microscopy imaging in murine intact cochlea through laser-
ablated bone

Our studies on the scattering properties of the cochlear bone (Fig. 4) and the effect of laser
bone ablation on TPEF imaging of HCs in a cochlear whole mount through the bone (Fig. 5)
provide the necessary parameters optimized for carrying out TPEF microscopy in the intact
cochlea. Before the ablation, the cochlea was stained using phalloidin-488 for TPEF imaging
(see Methods). We performed the ablation with the intact cochlea sample immersed in PBS
in order to keep the sample hydrated, although the ablation objective was not immersed. This
matches the conditions in the intended application because the middle ear, through which we will
gain surgical access for cochlear bone ablation, is air-filled. The results are shown in Fig. 6. We
focused on ablating the apical turn of the cochlea because in this region, the distance between
HCs and the inner bony wall is small, measuring 200± 43 µm. We ablated a pattern area of
500× 200 µm2 down to less than 40 µm in thickness. Due to the curving nature of the cochlear
chambers, the bone thickness after the ablation can vary by about 10 µm. The control of laser
parameters during ablation is crucial to avoid bone cracking while thinning it. The cochlear wall
and interior were monitored with BF camera and OCT before (Figs. 6(a) and 6(b)) and after the
ablation (Figs. 6(c) and 6(d)).
After the ablation, we transferred the phalloidin-488 stained sample to the commercial

multiphoton microscope and obtained TPEF images of intracochlear cells through the ablated
bone in the intact cochlea. The TPEF microscope collects the fluorescence image stack in epi
mode as the laser focus scans down into the cochlea. Frames from the z-stack reveal intracochlear
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Fig. 6. Intracochlear hair cell imaging in intact murine cochlea through laser-ablated bone.
(a) The BF image of the 3D intact cochlea before the ablation. Red dashed rectangle indicates
the ablation area. (b) Cross-sectional OCT image acquired along the red arrow line in (a).
(c) The BF image of the 3D intact cochlea before the ablation. (d) Cross-sectional OCT
image acquired along the red arrow line in (c). Scale bars: 100 µm. (e) (f) (g) Three TPEF
microscopy images acquired while focusing from the external ablated cochlear surface to the
region of the organ of Corti, revealing intracochlear cells and anatomic details. Hair cells
were stained with Phalloidin 488. AB, apical bone. OC, organ of Corti. SM, scala media.
M, interscalar septum. IHC, inner hair cell. OHC, outer hair cell. TC, tunnel of Corti. Scale
bars: 10 µm.

structures with high resolution 300 µm behind the bone layer, such as the IHCs, the TC (Fig. 3(e)),
the OHCs (Fig. 6(f)) and the supporting tissues (Fig. 6(g)). The Supplementary Media shows the
whole TPEF z-stack starting from the external ablated bone surface, passing through the spiral
ligament and stria vascularis layer and reaching the region of the OC.

4. Discussion

According to Vogel et al. [44], the dominant mechanism of tissue disruption by tightly focused
femtosecond pulses for repetition rates up to ∼1 MHz is plasma-mediated nanocavitation, while
the dominant mechanism for repetition rates much greater than 1 MHz is free-electron induced
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chemical decomposition. As the present work involves a laser repetition rate of 5 kHz, the
ablation mechanism is clearly plasma-mediated nanocavitation.
Plasma-mediated laser ablation is known to generate a strong shockwave due to plasma

expansion [45,46], which may raise a concern about damage in the hair cells given their close
proximity to the ablation zone. To address this concern, we consider an earlier study [45]
under similar experimental conditions (350 fs 1053 nm laser ablation at 5.7 J cm−2 fluence) in a
collagen gel. A transient peak recoil pressure of 66 MPa, without an obvious rarefaction phase,
that lasted about 50 ns (full width half maximum) at the ablation zone was measured in that
study. In our experiment, the plasma-induced shock wave should have a comparable pressure
profile, which roughly corresponds to a pulsed ultrasound of 10 MHz frequency at a repetition
rate of 5 kHz and a duty factor of 5×10−4. A major difference between this plasma-induced
shock wave and a regular ultrasound wave is the lack of a rarefaction phase, which is the actual
cause for cavitation and tissue damage. The effective wavelength of the shock wave is 150 µm
in water, assuming a sound speed of 1500 m s−1. Given the ablation zone of approximately 10
µm in diameter, which is much smaller than the ultrasound wavelength, the propagation of the
shock wave is omnidirectional. Therefore, the transient peak pressure that an organ of Corti
would sustain, which is assumed to be 100 µm away from the ablation zone for a conservative
estimation, is nearly 0.66 MPa following an inverse square law and ignoring any wave attenuation.
This pressure is compression-only rather than alternating (compression-rarefaction) and is only a
fraction of the rarefactional pressure limit in diagnostic ultrasound devices. The time-averaged
acoustic power is approximately 9.3 µW, assuming 100% of laser energy at the highest ablation
fluence (3.7 µJ) used here is converted into acoustic energy in the shock wave for a conservative
estimate. This corresponds to an acoustic intensity of 7.4 mW cm−2 at a distance 100 µm away
from the ablation zone, which is again a fraction of what is used in diagnostic ultrasound devices.
More quantitatively, the International Electrotechnical Commission (IEC) defined two non-

dimensional indices as the standard measures to determine the potential for tissue damage by
an ultrasound system [47]. The ultrasound-induced mechanical stress in the tissue is assessed
with MI = Pr

/
CMI

√
f , where Pr is the peak rarefication pressure in MPa, f is the ultrasound

frequency in MHz, and CMI = 1 MPa MHz−1/2 is a non-dimensionalization coefficient. For
medical ultrasound devices, the Food and Drug Administration (FDA) requires thatMI<1.9 in
all tissues except the eyes where MI<0.23 is required [48]. The risk is considered negligible
when MI<0.5 [49]. The ultrasound-induced tissue heating is measured with TI = Wpf

/
CTI ,

where Wp is the time-averaged acoustic power, and CTI = 210 mW MHz is the coefficient for
soft tissue. It is deemed a negligible risk for values of TI<1. Due to the difference between the
laser-induced shock wave and diagnostic ultrasound, accurate calculation of the indices is not
available, and we can only make a worst-case estimate of the damage potential. To estimate MI,
we assume a rarefaction phase does occur in the shock wave with an amplitude equal to that
of the compression phase. This results in MI = 0.21, which suggests that the risk of hair cell
damage due to mechanical stress is negligible. The actual MI is much lower due to the lack of a
rarefaction phase. For TI, we assume that the entire time-averaged acoustic power of 9.3 µW
resulting from the laser pulse acts on the organ of Corti, which gives TI = 4 × 10−4 and indicates
that the tissue heating is negligible. We therefore conclude that the hair cells at least 100 µm
away from the ablation zone are safe from the laser-induced shocks. This is well in line with the
findings in a recent initial study [50] on the effects of high frequency ultrasound (40 MHz at an
amplitude of 1.24 MPa and an intensity of 157 mW cm−2) in hair cells. Further reduction of the
shock wave pressure can be achieved by using an objective of a higher NA in the ablation, which
requires lower pulse energy to attain the needed fluence owing to the smaller focus spot.

The above analysesmay appear questionable at first sight because they are based on experimental
data in a collagen gel while the cochlear bone is a hard tissue. At the femto- to picosecond
timescale, however, plasma and shock wave physics in condensed matter becomes similar in
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different materials. Right after the passage of the ultrashort laser pulse, the energy density of the
plasma, and consequently the initial pressure of the shock wave it creates shortly after, can be
estimated through [51] ε = (3/2)ncr∆E, where ncr is the critical electron density of the plasma
at the ablation laser frequency, and ∆E is the electronic band gap. In soft tissues where water is a
major constituent, the band gap when treated as an amorphous semiconductor is represented by
the water band gap of 6.5 eV [52]. On the other hand, in bones where hydroxyapatite makes up
roughly 70% of the mass, the band gap is dominated by that of hydroxyapatite, which is 7.3 eV
based on a quantum calculation [53]. Therefore, the initial shock wave pressure in bones is only
approximately 12% higher than that in soft tissues.

Despite the non-thermal nature of femtosecond laser ablation, the elevated temperature in the
target zone due to the average laser energy flux must be taken into consideration. It was shown
[54,55] that an air or water flow during the ablation significantly reduces the thermal deposition
and improves the efficiency. However, at the level of laser power (15 mW maximum) and volume
rate of ablation (no more than 0.05 mm3 min−1) in the intended applications, we expect the
thermal effects to be rather mild. A previous study using similar parameters (700 fs 1053 nm
laser ablation at 10 µJ pulse energy and 10 kHz repetition rate) showed that the temperature
rise is below 2°C on the opposite surface of the ablation in a 1-mm thick porcine otic capsule
sample, which is linearly proportional to the ablation pulse energy. Projecting this temperature
change to our parameters (3.7 µJ maximum pulse energy at 5 kHz repetition rate), we estimate
that the temperature rise in our work is approximately 0.4°C. This is well below the 3°C tolerance
found in rabbit cochlea [56]. Therefore, and also in light of the increased infection risks and
the complicated drainage requirements, we do not use a cooling flow in this study and in the
intended applications.

Like many other biological tissues, bones generally demonstrate a highly anisotropic scattering
[41,57], and the angular distribution of the scattered light approximately follows the Henyey-
Greenstein phase function. The scattering anisotropy is quantified with the anisotropy factor
g = 〈cos θ〉, which represents the mean cosine of the scattering angle θ of all photons after
one scattering in a turbid medium. It is often greater than 0.9 in many biological tissues. A
reduced scattering coefficient is defined as µ′s = (1 − g)µs which leads to a large transport MFP,
`T = 1

/
µ′s, within which light only suffers mostly low-angle deflections and follows a snaky

path. Light focusing and imaging is generally considered achievable without special efforts to
unscramble the light passing through a scattering medium whose thickness is below a few `T .
However, in the cochlear bone, one of the densest bones in the body, 〈cos θ〉 rapidly decreases
with the thickness [40] due to multiple scattering and becomes only 0.4 at the thickness of 120
µm. This results in a significantly broadened laser focus compared with the ballistic photon focus
beyond a few photon MFP, as revealed in our PSF measurements. Therefore, to preserve as much
information as possible in the images of the small cochlear sensorineural cells, it is of a great
advantage to thin the cochlear bone down to one or two photon MFP, i.e. 50–100 µm.
Although optical clearing of bone has been applied in vivo [58,59] to reduce bone scattering

through decalcification and refractive index matching for deeper light penetration, a number of
potential problems present obstacles in its application to the inner ear. The main concern is that
chemicals used for bone clearing can be toxic to the delicate sensorineural structures within the
cochlea. In addition, bone clearing can cause tissue dehydration [58] and structural changes in
the collagen [60], which plays an essential role in the elasticity and rigidity of the structures that
sustain cochlear function. In comparison, our bone ablation approach, which is highly localized
to a volume of no more than 500 µm in each dimension, is not ototoxic. Moreover, the small
windows of ablated bone can be filled with removable, precisely fashioned bone plugs of the
same structural integrity to prevent any adverse long-term effects on cochlear function.

Our technique points to a new possibility in answering the challenge of cellular-level imaging in
the inner ear by creating optical windows in the bony cage through laser microsurgery. However,
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further studies are essential before this technique can be translated into a clinical diagnostic
tool. In particular, future research should focus on the parameter optimization to accommodate
individual physiological differences, and on the utilization of the intrinsic fluorescence from the
cochlear sensorineural cells [61,62] rather than exogenous fluorescent dyes.

5. Conclusion

We have demonstrated a technique for imaging cells behind a strongly scattering medium (bone)
by thinning the bone using monitored femtosecond laser ablation. In both extracted OCs and
intact whole cochleae, precise laser ablation can efficiently reduce the bone thickness to a level
where the scattering in the remaining bone no longer hinders the TPEF imaging of intracochlear
structures behind it, including IHCs and OHCs, with high resolution. Thinning the bone to
one or two photon MFP provides best image quality. Our approach offers significant imaging
flexibility because the ablation sites can be strategically placed along the cochlear length to
interrogate cochlear regions encoding specific acoustic frequencies. Our methodology naturally
suits a fiber-based endoscopic implementation that integrates capabilities of both ultrafast laser
ablation [63,64] and TPEF imaging [65,66].
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